cap that keep the electrodes in place. [6] Roy et al. observed electrode fixation methods significantly affects the tissue response and suggests that stress-free, floating electrodes may elicit less tissue reactivity than present designs. [2b,7] However, migration of untethered implants can lead to protrusions through the skin, tissue necropsy, site inflammation among other complications. [8] These studies suggest that fixation methods are required, but milder approaches necessitate factoring in the dynamic mechanics of the underlying tissue substrates.
Bioadhesive tethering is reported to have a less traumatic effect than hooks or tines, ultimately reducing host tissue damage, and post-operative pain. Implant immobilization with interfacial stress distribution is one of many benefits bioadhesives offer. [9] Stiff bioelectrodes (metals, silicon, ceramic, or glass) with moduli in the range of GPa can be mitigated against the interfacial mismatch with kPa-modulus soft tissues. [5b,10] Fibrin bioadhesives are biodegradable, but exhibit limited adhesion strength (5-10 kPa), with patient ethical concerns associated with bovine/human origins of the bioadhesive components. [11] Cyanoacrylate glues allow strong, but unmodifiable adhesion strength and cause inflammatory responses. [12] The cured modulus of cyanoacrylate glues is 0.5-1 GPa, exceeding that of most soft tissues (10-500 kPa), meaning adhesive failure will most likely occur in the tissue itself (structural or adherent failure). [13] This creates an unmet need for tunable bioadhesives for bioelectrode tethering, where adhesive activation by the electrode would be a considerable advantage.
Bioadhesives based on carbene-crosslinking may be suitable for immobilizing bioelectrodes. Carbene-bioadhesives are voltage activated, exploiting the electrodes to be adhered while offering the benefits of wet adhesion; stress distribution, on-demand curing, and tunable modulus that mimics soft tissue stress-strain behavior. Voltage activation has previously been demonstrated on indium tin oxide (ITO) and three-electrode designs, which are not suitable for bioelectrodes. [14] UV-curing is also possible, but this is limited to transparent bioelectrodes. [15] Bioelectrodes engineered for adhesive voltage activation can double as a transducer/biosensor for cells, organs, or local soft tissue substrates.
Interdigitated electrodes (IDE) are hypothesized to simultaneously allow voltage-mediated tissue fixation and electrical contact with tissue substrates. Our design relies upon three components 1) voltage-activated carbene tissue adhesives, applied on 2) conductive IDE, made from 3D-Graphene (3DG) inks [16] printed on 3) resorbable non-conductive substrates. Each component is engineered separately, allowing a wide range of potential implant/ bioelectrode designs, e.g. drug depots, biosensing, elastic sealant, etc. Electrical potential across electrodes allows on-demand adhesion at the operator's will. Herein, IDE 3D-printed onto electrically insulating, poly (lactic-co-glycolic) acid (PLGA) films, are adhered to ex vivo soft tissues upon voltage activation and assessed for lap shear strength. Viscoelastic properties are assessed in real time with electrorheology.
Results

Construction of 3DG-Bioadhesive-IDEs and Overview of Structure Activity Relationships
PAMAM-g-diazirine aka Voltaglue (bioadhesive) are applied to the prepared 3DG IDEs, comprised of 3DG inks printed onto PLGA films in an IDE geometry, as seen in Figure 1A . The resulting composite films are referred as 3DG-bioadhesiveIDEs throughout the text. 3DG-bioadhesive-IDEs are assessed for real-time mechanical properties through a custom electrorheology setup that give real-time analysis of viscoelastic properties and gelation times. Lap shear adhesion is employed to assess maximum shear adhesion strength, with ex vivo swine aortas as model soft tissue substrates that are easily procured across many geographies. Cross-section 3DG-bioadhesive-IDEs are investigated by scanning electron microscopy (SEM) for structure activity relationships in regard to electrorheology and lap shear adhesion observations. Electrocured bioadhesives' leachates are then assessed for in vitro mammalian cell viability towards pre-clinical in vivo evaluation.
Grafted Aryl-diazirine is Consumed Upon Voltage Activation of the PAMAM-g-diazirine
Previous investigations have revealed optimal grafting ratios of aryl-diazirine/Polyamidoamine (PAMAM) dendrimer results in higher mechanical modulus, and lap shear strength upon photocuring. [14b] Grafting ratios < 10% lead to few intermolecular bonds while high grafting ratios (>30%) lead to higher N 2 generation, and excessive foaming with a notable decreased aqueous solubility. At 20% grafting, complete miscibility is observed in aqueous solvents with sufficient crosslinking to explore voltagedependent viscoelasiticity. Independent mass quantitation of polymer mass, grafted, and free aryl-diazirine is assessed through size exclusion chromatography (SEC) with refractive index UV/ vis, and light scattering detectors. PAMAM displays only background absorbance at 365 nm (<0.01 ABS), while aryl-diazirine displays a prominent ABS peak (0.06 ABS). A theoretical yield of 20% grafting is calculated experimentally to 18 ± 1% from refractive index (polymer mass) and absorbance (UV detector, 365 nm). SEC methods are available in Supporting Information. SEC is exploited towards diazirine quantitation before and after curing on the IDE. The electrodes do not allow incorporation of a reference electrode, preventing precise DC modulation by a reference electrode and Potentiostat. This is mediated with voltages that exceed the activation potential required to activate diazirine (−1.6 V, negative voltage denotes cathode e − source or current sink), as activation is observed around 5 V. To confirm diazirine activation at 5 V, bioadhesive is electrochemically activated into carbene and subsequently analyzed for the diazirine (carbene precursor) and polymer mass by SEC, with uncured bioadhesive and G5-PAMAM as control. The absorption peak decreased from 0.06 to 0.04 ABS upon voltage activation, as seen in Figure S1 in the Supporting Information, confirming diazirine is consumed during electrocuring (assuming no formation of other UV absorbing species). Calculated diazirine conjugation percentages and molar masses for each sample are reported in Table S1 in the Supporting Information.
Interdigitated Electrodes Activate PAMAM-g-diazirine on Flexible, PLGA Films
3DG ink serves as the conductive medium for 3D printed graphene IDE (3DG IDE). Non-conductive film substrates (PLGA) www.advancedsciencenews.com www.advhealthmat.de force the current to pass through the carbene precursor bioadhesive when the graphene electrodes are polarized ( Figure 1B-D) . The interdigitated pattern is 3D printed on flexible PLGA backing layer using pneumatic extrusion-based 3D printing. Upon nozzle extrusion of the 3DG, solvent evaporation results in near complete solidification of the extruded material, while residual solvents enable polymer entanglement between the ink and PLGA substrate, as seen in Figure 1E . Final dimensions of the 3D printed 3DG IDE after solvent evaporation are measured using digital photography. The resulting IDE is flexible and can be rolled into cylinders without fracturing or delaminating the graphene electrodes, as shown in Figure 1B . The broadening of 3DG ink upon deposition occasionally results in electrode-electrode contacts, producing short-circuits (as seen in Figure 1C ) and requiring a continuity test of the electrodes. Curing of 3DG-bioadhesive-IDEs is displayed in Figure 1D , where the cathode and anode are in contact with the bioadhesives (creating localized linear polarities). SEM analysis of the polymer composite exterior and cross-section reveals conductive graphene flakes and a 20-30 µm layer of polymer entanglement between electrodes and PLGA substrate ( Figure 1E ).
Voltage Correlates with the Crosslinking Reaction Kinetics
Storage modulus (G′) and loss modulus (G″) are measured in real time to assess the degree of crosslinking. PAMAM-gdiazirine (20%) is diluted (50% w/w) with two ionic strengths of phosphate buffered saline (PBS 1X and 10X) and tested at three voltages of 5, 7.5, and 10 V. Hypertonic 10X PBS is not suitable for biological applications but serves as a concentrated electrolyte to investigate the role of conductivity on crosslinking kinetics. The corresponding changes in the storage (G′) and loss (G″) moduli are recorded in real time with in-house electrorheology as seen in Figure 2 . 3DG-bioadhesive-IDEs are assessed for storage (G′) and loss modulus (G″) before voltage application as seen in region I in Figure 3A ,B. Within region I, hydrogen bonding or other reversible attraction forces are disrupted by the 1% strain oscillations. G″ is dominant over G′ for all samples with a dynamic viscosity of 5.3 Pa s (tan δ = G″/G′ ≈ 2.8) ( Figure S2 , Supporting Information). Region II displays transitioning viscoelastic behavior in Figure 3A ,B. After the voltage onset the crossover of G′ and G″ is observed when tan δ = 1 (defined gelation time). A representative curve is shown in Figure S2 in the Supporting Information. The modulus values are recorded for two minutes after the voltage is removed to observe any continuation in crosslinking, as displayed by region III in Figure 3A ,B. The gelation time and the voltage applied are inversely correlated, as demonstrated in Figure 3C . Gelation time decreases with the magnitude of applied voltage, with the fastest of 20 s observed within the bounds of 5-10 V for 10X PBS. Final storage modulus is dependent on voltage applied and electrolyte concentrations, as summarized Figure 3D .
Voltage-Cured Films Provide Tunable Adhesion from 6 to 17 kPa
To analyze the adhesion strength of electrocured 3DG-bioadhesive-IDEs, lap shear mechanical analysis evaluates voltage 
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Electrocuring via double-sided 3DG-bioadhesive-IDEs allows adhesion of adjacent soft tissues ( Figure S3 , Supporting Information). The concept is briefly demonstrated on two porcine liver tissues, where they were sealed/adhered together with shear adhesion strength of 11.9 ± 0.8 kPa which is at least twofold stronger than commercially available fibrin glue with the adhesion strength of 5 kPa. [17] After failure, the cross-section of the aorta tissue/adhesive interface is imaged by SEM. The adhesive tissue has intimate interfacial contact, as no gaps are observed in Figure 5 where tissue and bioadhesive have been digitally enhanced with orange and green tints, respectively. The porous structure of the photocured and electrocured bioadhesives display different morphologies, where photocuring has distinct gas nucleation foam cells, while Figure 5 displays striated pores that are parallel with the tissue-this maybe be caused by the electric field ( Figure S4 current measurements support these observations, assuming an increase in current yields more gaseous products ( Figure S6 , Supporting Information). In the case of 10 V 1XPBS and 7.5 V 10XPBS, the gas pores are present but not predominant. At 10 V 10X PBS, gas pores are predominant over bioadhesive at the interface, with the bioadhesive pushed out of the interface by gas expansion. Original SEM images are available (Figures S7 and S8, Supporting Information) for objective evaluations.
In-Vitro Cytotoxicity Leachates Displays Inverse Correlation with Voltage
The electrocured 3DG-bioadhesive-IDEs films are evaluated for leaching of uncured PAMAM-g-diazirine, which has a known cytotoxicity of 6 µg mL −1 .
[14a,15d] Acute (24 h), extended (168 h), and direct contact leachate evaluation provide cytotoxicity feedback on oligomeric species that are extracted/generated in the electrocuring aqueous environments. Direct contact assesses for transient leachates or toxic precipitates that may cause contact toxicity by immiscible particles-these species would be separated by normal leachate protocols. In this regard, samples (face down) are added directly to the confluent cell cultures for 24 h before cytotoxicity evaluation. Controls include tissue culture plate (TCP), neat PLGA, and 3DG-bioadhesive-IDEs without bioadhesive. Metabolic activity is less affected when the cells are cultured in 24 h extract compared to 168 h extract media, as displayed in Figure 8A . Incomplete curing (5 V) led to significantly lower metabolism, which is expected for formulations that are partially crosslinked. Higher voltages improve cell metabolism Figure 8B . Summarizing the results between both assays, cytotoxicity of electrocured PLGA/3DG IDE films demonstrated a moderate inverse correlation with voltage. The surfaces of electrocured bioadhesive modified 3DG IDEs are further evaluated for their platelet adherence/activation as a measure of thrombogenicity/hemostat with the aid of human derived platelet-rich plasma (PRP). The PRP response on unmodified 3DG IDE/PLGA and neat PLGA served as controls in Figure S10 in the Supporting Information. Adhered platelets over 3DG IDE displayed considerable platelet aggregation and thrombosis compared to neat PLGA, which serves as a comparison between laboratories. [18] The results indicate that the platelets adhered on PLGA are spherical but exist in activated aggregates of short dendritic morphologies. 3DG-bioadhesiveIDEs had a significant reduction of adhered platelets at 7.5 and 10 V compared to PLGA and 5 V, with no evidence of thrombosis, as shown in SEM Figure 9G . Remnant red blood cells within the PRP maintained their concave profile, suggesting no cationic-induced necrosis or coagulation that is associated with soluble PAMAM dendrimers. [19] 
Discussion
For the first time, bioelectrode/adhesive film composites are combined towards a synergistic technology. The bioelectrodes serve two functions: 1) they allow programmable voltage-activated adhesion with curing gelation times less than 60 s; and 2) post-adhesion transducer or biosensor. As the adhesive and backing film are both produced from resorbable materials, the method provides the groundwork for implantable bio/electrodes that may be permanently incorporated into soft tissues, vis-à-vis graphene backscattering wireless electronics. [20] Voltage-activated bioadhesive films are made possible with the following three components; 1) non-conductive polyester [21] Lap shear adhesion results indicate that the adhesive bond strength increases across the current and voltage values tested, but only for isotonic formulations. High electrolyte, hypertonic formulations decrease from 7.5 to 10 V. The difference between two formulations was unexpected, and based on our former investigations, it was assumed that a higher ionic strength formulation and higher voltage would allow for more covalent crosslinks. The reduction in the shear adhesion strength is attributed to the competing reactions; i) reduction/ oxidation of diazirine/diaziridine, and ii) electrolysis of water to H 2 and O 2 . Higher current densities ( Figure S5 , Supporting Information) allow electrolysis kinetics to outrun the electrocuring kinetics-foaming expansion surpasses intermolecular PAMAM crosslinking. At the relatively high voltages applied (compared to the −1.6 V required for diazirine reduction) the electric field extends beyond the bioadhesives, attaining sufficient activation upto a few hundred microns of bioadhesive ( Figure S4 , Supporting Information). Figure S6 in the Supporting Information traces the current recorded during electrocuring, which never exceeds 10 mA for all three voltages applied (5, 7.5, and 10 V) for 1XPBS. Reasonably safe 'let go' currents (controlled muscle contraction) are reported to be in excess of 10 mA. [22] The 2D COMSOL Multiphysics simulation predicts the current path is limited to within a few hundred microns of the IDE, with mA currents or less expected in the adjacent tissue layers.
SEM cross-sections ( Figures 6 and 7 ) reveal a trade-off in adhesion strength, pore formation, and viscoelasticity. Lower voltages and currents display relatively soft, solid matrices whereas more foaming is observed in the case of higher ionic strength, higher voltage. Nonetheless, the maximum adhesion strength achieved with the 3DG IDE films is 17 ± 1 kPa with an observed cohesive failure. Thus, at stress failure, the adhesive matrix fails, and no tissue is damaged. Other on-demand energy activation method (e.g., laser activation @ 100 J cm −2 ) display similar adhesion strengths of 15 ± 1 kPa. [23] However, lasers have thermal injury and high intensity occupational risks, whereas direct current power supply is a cheaper, more accessible option. Light-activated methods can raise substrate temperatures to 38-43 °C, a critical range where every 1 °C increase doubles necrosis kinetics. [24] Lang et al. adhered a biodegradable patch with a hydrophobic, UV-cured adhesive for rapid atraumatic defect closure in heart defects. The UVactivated adhesives also had a maximum pull-off adhesion strength of ≈14 kPa (UV intensity-0.38 W cm −2 ) against bovine pericardium tissue. [25] However, all photocured bioadhesives are limited to transparent substrates or biomaterials. Voltage-activated bioadhesives have no such limitations. The composite patch described herein offers an alternative approach for sealing defects with the added functionality of electrodes for signal feedback.
Knecht et al. equated the strength of several implant fixation methods like press-fit, cartilage and transosseous sutures, and fibrin glue, and found that transosseous sutures (Vicryl 2-0, Ethicon) were the strongest, withstanding 38 ± 9 N (250 kPa, assuming 150 mm 2 working area) of tensile force but at the cost of tissue damage at failure. Fibrin glue (Tissucol Duo) was found to withstand 2 ± 0.4 N (13 kPa, assuming 150 mm 2 working area) of tensile load when PLGA scaffolds were adhered at subchondral bone. [26] The electrocured bioadhesive method is comparable in strength to fibrin glue, but the current design is insufficient for high stress applications. The bioadhesives composite as tested could prevent the migration and protrusion of bioelectronics film areas of low shear tension, e.g. subcutaneous implants, or organ patches where robust suture fixation is not required or desirable. It may be applicable for high risk sealant applications. Fetal membrane failure can lead to premature pregnancy termination. [27] Sealing of amniotic sac requires advanced surgical procedures and expertise, where sutures are not recommended. Few technologies are available to address this unmet clinical need. [27a] Tissue adhesives are the leading contender, but two part and photocuring designs have the possibility of leachates. High-energy irradiation (laser and UV curing) is also high risk concerning the fragility of the developing fetus. A catechol-functionalized poly (ethylene glycol) sealant is reported for fetal membrane repair. [28] But, these glues require the use of strong oxidants that could lead to leachates and necrosis. [29] Our composite setup could offer an alternative where no irradiation is required, but leachate would need careful optimization.
In vitro metabolism analysis of leachate after electrocuring indicates that certain voltages (7.5 and 10 V) generates a crosslinked matrix that has less than 2.5% PAMAM leachate (<500 µg from the total of 20 mg). Polyamidoamine dendrimer (G5-PAMAM), a cationic polymer, is known to have a toxic response to cells with a reported EC50 of 2 µg mL −1 unmodified and 6 µg mL −1 with 15-30% 1° amine grafting. [15d,30] However, the polycationic character may be partially responsible for the intimate tissue contact as polycation complexes and conjugates facilitate cell adhesion. [31] Platelet adhesion results demonstrated the relationship of surface induced cytotoxicity and blood clotting over the electrocured 3DG-bioadhesive-IDEs. The hydrophobic nature of graphene ink might be responsible for an active adsorption fibrinogen, which may trigger sufficient platelet-platelet interactions and subsequent aggregation over the surface of pure 3DG IDE. The hydrophilicity of the crosslinked bioadhesive, cationic inactivation, or other unknown factors reduced protein adsorption and subsequent platelet adhesion. [32] Thus, the modification of conductive graphene electrodes using a dendrimer-based carbene crosslinked bioadhesive appears to partially mediate the platelet activation with no cationic induced hemolysis (assessed by the concave red blood cells, Figure 9 ) as seen in other cationic surfaces. [33] We have previously demonstrated that biomacromolecule additives www.advancedsciencenews.com www.advhealthmat.de significantly reduce platelet adhesion/activation while retaining bioadhesion in PAMAM-g-diazirine formulations. [15e,34] The IDE array herein has an alternating comb-like geometry notable for large collection efficiencies and improved signal-to-noise ratios. [35] Graphene electrodes have been used in numerous biomedical applications and regenerative medicine applications including stem cell growth and differentiation applications. [36] For example, through electrode stimulation, differentiation of Mesenchymal stem cells into Schwann-celllike phenotypes is possible. [37] Flexible interdigitated graphene electrodes may provide a novel method of in vivo peripheral nerve regeneration via electrical stimulation for nerve cell regrowth. Such devices have struggled due to the close conformal fixation method required and is another example where the technology herein can be exploited to adhere electrodes towards in vivo translation.
Recently, Fabbro et al. reported that graphene is an inert neuron-interfacing material with no alteration of target nerve cells, supporting the development of in vivo graphene-based bioelectronic interfaces. [38] In addition to the bioelectronics interface, our system incorporates two independent methods for development of passive or active drug delivery. PLGA films offer long-term drug delivery of hydrophobic compounds while the hydrophilic bioadhesive could be useful for short-term delivery of therapeutics. [39] To minimize foreign-body reactions, electrical neural interfaces require inert biocompatibility and mechanical compliance of the neural tissue surrounding the device. Longterm stability of the implanted devices can be significantly enhanced by improving the mechanical mismatch between the nervous tissues (Young's modulus ranging between 100 Pa and 10 kPa) and the implantable devices (100 GPa for rigid electronics, 5 GPa for thin polyimide-based devices, and 1 MPa for silicone-based devices). [4a,5,21] Cortical electrode implants are another example of how flexible 3DG-bioadhesive-IDEs technology can be used to replace the existing electrodes to detect and record electrical responses from brain tissues. [40] An area of special significance is the electrical stimulation of the human lumbar cord. Isolated from brain influence by traumatic injury, the lumbar cord has been shown to induce automatic, lower limb movements to reanimate the paralyzed limbs of spinal cord injured people. [41] Typically, stainless steel wire electrodes are inserted at the midline of the spinal cord for electrical stimulation, and electrodes are fixed by suturing to the dura mater. [42] These electrodes and sutures potentially damage the subtle dura mater due to mechanical stress and modulus mismatch, hence eliciting an inflammatory response.
Sacral neuromodulation can actively treat urinary incontinence. [43] For many years a "sacral anterior root stimulator" has been available to paraplegic humans which permits bladder emptying on-demand through electrical stimulation of the sacral spinal nerves. [44] Complications associated with this include 4-5 h implant operation, leakage of CBF, engineering failures, and loss of local stimulation. [45] The 3DG-bioadhesiveIDEs system could act as a potential substitute for continuous electrical stimulation of spinal cord and sacral neuromodulation. Our future work will focus on the development of immobilized, implantable electrical networks described above for both sensing and actuating in vivo applications. [37, 46] Many more applications exist outside of neurostimulation.
Long-term bioelectronics implants may serve to electrically stimulate tissues for the treatment of chronic illness and pain. For example, Nina et al. have showed the application of pulsatile electrical fields to culture the cardiac cells and 3D cardiac tissue constructs using galvanotaxis and galvantropism. [47] They have demonstrated an in vitro bioreactor system which, in principle, can reproduce any specific electrical stimulus in the physiological range by incorporating two electrodes held in place by silicon adhesive. However, as designed, this system is unlikely to be translated for in vivo cardiac tissue engineering. Even if the 3DG-bioadhesive-IDEs functioned as envisioned, the implant would have limited ability as a biosensor or electrostimulator upon immediate application. Effectiveness would increase over time as the resorbable materials are infiltrated by neoplastic tissues, with the remaining bioinert, percolated graphene encapsulated in the newly formed tissues. The 3DG-bioadhesive-IDEs technology would substitute for the petri-dish bioreactor chamber with no silicone adhesives needed and allow electrical field stimuli to in vivo tissues as desired. Cardiac patches for treating damaged heart tissues, i.e., myocardial infarction is a high priority unmet clinical need. Existing biomaterial scaffolds for treating heart tissues are made up of alginate [48] or PLA [49] that help cells organize into functioning tissues, but poor conductivity of these limits its ability to contract uniformly. Our technology may bridge this gap and improve electrical communication between adjacent cardiac tissues through inert graphene electrodes, with the option of singleor double-sided bioadhesion, improving the versatility and therapeutic value of current cardiac patches. [50] For applications where a thin layer hydrogel is required or desired, such as pigment coatings or drug depots, the cohesive failure mechanism can be exploited. A thin bioadhesive layer can be cured at the application site and the electrodes can be removed (Figure 5 ), leaving the cured hydrogel layer behind. This allows a thin layer of bioadhesive to be applied on cells, membranes, or tissues in a mild manner, without directing any energy to the substrate (no leachate, laser, or UV effects). The concept of breakaway electrodes and cohesive failure could also set the framework for layer-by-layer composites through electrocured films with no electrostatic functional groups required.
Several limitations of this technology are noted. The PAMAM-g-diazirine bioadhesive is activated on-demand by voltage (herein) or through photocuring. [15b-e] Photocuring yields higher moduli and greater lap shear adhesion but is limited to UVA transparent substrates. The voltage-activated crosslinking has only been demonstrated on carbon allotrope electrodes and investigations on other conductive elements is part of our future work. Another limitation of the reported design involves the disinfection and rinsing protocols with isopropanol and PBS. Leachates from the bioelectrode/ adhesive composite may be removed, resulting in a milder cytotoxic assessment. However, these protocols mimic the typical alcohol sterilization and saline rinsing in clinical settings and the steps required to remove plasticizer after 3D printing.
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Conclusion
Graphene electrodes were glued directly to tissue substrates, with the electrodes directing the current to the voltage-activated bioadhesive. A composite film was manufactured from 3D printed conductive graphene electrodes, electrically insulating PLGA films, and thin film of 'Voltaglue' bioadhesive. The 3DG-bioadhesive-IDEs composite design provides an easy method of gluing graphene electrodes on tissues with voltage-activated bioadhesives, wherein the cured bioadhesive mimics the mechanical properties of the underlying tissue substrates. Since all components were resorbable or bioinert materials, the method provides the groundwork for implantable bio/electrodes that may be permanently incorporated into soft tissues and organs for continuous transduction, biosensing, or both.
Experimental Section
Materials: Poly(amidoamine) dendrimer of 5th generation (G5 PAMAM, Mw = 28.8 kDa) was purchased from Dendritech, Inc, USA. 3-[4-(bromomethyl) phenyl]-3-(trifluoromethyl)-diazirine (bromodiazirine) was purchased from TCI, Japan. 3DG ink was synthesized in Tissue Engineering and Additive Manufacturing (TEAM) laboratory, Northwestern University, IL, USA. [16] Freshly procured swine aorta tissues were obtained from Primary Industries Pte Ltd, Singapore, which is monitored on-site by the Agri-Food & Veterinary Authority of Singapore.
Synthesis of Voltage-Activated Bioadhesive, PAMAM-g-diazirine (20%):
PAMAM-g-diazirine (20%) was synthesized as previously published. [14b] Briefly, bromo-aryl diazirine (248 mg, 0.9 mmol) was added dropwise into G5-PAMAM (3.72 g, 0.04 mmol) dissolved in anhydrous methanol in an N 2 atmosphere. After stirring overnight, methanol was removed by rotary evaporation, purified by ultrafiltration distilled water (10 kDa molecular weight cutoff), and lyophilized.
Manufacture of 3D-Graphene Interdigitated Electrodes on PLGA Thin Films: PLGA films were synthesized by dissolving polylactic-co-glycolic acid (PLGA; 82:18 lactic to glycolic acid; Evonik Industries, Germany) in a mixture of dichloromethane (DCM; Sigma), 2-butoxyethanol (2-Bu; Sigma), and dibutyl phthalate (DBP; Sigma). DBP (0.6 g) was added for every 0.77 g of PLGA (0.67cm 3 ). The resulting solution was cast into a stainless-steel sheet pan and allowed to dry overnight. The resulting ≈900 cm 2 PLGA sheets (130 µm thick) were sectioned into individual IDE substrates and stored at 4 °C until ready for use. 3DG was produced as previously described. [16, 51] Briefly, graphene powder (Graphene Laboratories, USA) was suspended in a mixture of DCM containing dissolved PLGA, 2-Bu, and DBP, such that the total solids loading (PLGA and graphene) of graphene was 60 vol.% and PLGA was 40 vol.%. DBP (0.6 g) was added for every 2.2 g of graphene and is extracted after DCM evaporation with alcohol and saline rinses to amounts undetectable through thermogravimetric analysis. [16, 51, 52] The 3DG was loaded in cartridges (Nordson EFD) and 3D printed using a 3D-BioPlotter (EnvisionTEC GmbH, Germany). 3D printing was performed at room temperature via pneumatic extrusion through a 30-gauge stainless steel nozzle (Nordson EFD). Resulting electrodes are shown in the Figure 1 . Double-sided 3DG IDE films were fabricated by solvent fusing (70% EtOH) the back sides of two single-sided 3DG IDE films.
Electrorheometry of Voltage-Cured PAMAM-g-diazirine (20%): Viscoelastic mechanical properties were measured with a parallel plate rheometer set-up (Physica MCR 501, Anton Paar, United States). PAMAM-g-Diazirine was evenly applied (20 mg at 50 wt% in 1X or 10X PBS) onto 3DG-IDE films. All experiments were measured at room temperature at 1% strain and 1 Hz oscillation with a 5 mm probe (PP05, Anton Paar, United States), maintained at a gap of 0.30 mm. A DC power supply (E3643A, Agilent Technologies, USA) set at 5, 7.5, or 10 V applied across the IDE, as shown in Figure 2 .
Lap Shear Adhesion on Ex Vivo Swine Aortas: Excised swine aorta sections (2 × 2 sq. cm) and 3DG IDE films were mounted on microscope slides with cyanoacrylate glue. PAMAM-g-diazirine (20%) in 50% w/w in 1X PBS (≈20 mg) was sandwiched between the 3D printed electrode and swine aortic tissue, and electrocured (5, 7.5, and 10 V) for 10 min. Lap shear failure was quantified by a tensile tester fitted with a 10 N force cell (Chatillon Force Measurement Products, USA), with a linear elongation of 3 mm min −1 .
Scanning Electron Microscopy of Cross-Sectioned Electrocured 3DG-Bioadhesive-IDEs: Cured bioadhesive 3DG-IDE samples on collagen or soft tissue substrates were immersed in 4% (w/w) glutaraldehyde PBS buffer for one hour and subsequently encapsulated in paraffin wax or freeze-dried, respectively. Cross-section samples (20 µm) were subjected to gold coating (90 s, chamber pressure <5 Pa at 18 mA). Images were obtained by JSM 6360 SEM at acceleration voltage of 3-15 kV, and a working distance of 9 mm.
In Vitro Metabolism of Human Dermal Fibroblasts Incubated with Adhesive Leachates: Human dermal fibroblasts cells (Lonza, Singapore) were cultured at 37 °C with 5% CO 2 in Dulbecco's modified eagle medium (DMEM) containing 10% fetal bovine serum and 1% antibiotics in T-75 tissue culture flasks (fibroblast medium). Cytotoxicity assay was evaluated through leachate extract in fibroblast medium and direct contact method based on Alamar Blue (AB) metabolic activity assays. Direct contact evaluates for transient leachates or toxic precipitates that may cause contact toxicity by immiscible particles. Cell proliferation was assessed through quantitation of mammalian DNA. For all assays, the cells cultured under blank conditions or incubated in only extract medium were used as non-cytotoxic controls. Cytotoxic effects of 3DG IDE-electrocured bioadhesives (dissolved in 1X PBS and electrocured using 5, 7.5, or 10 V for 10 min. Specimens were compared with neat PLGA and a negative control. For DNA quantification, cells were cultured in complete medium (DMEM with required supplements) extracted after 168 h incubation of the specimen. Cells (200 µL of cell suspension with cell density of 1 × 10 5 cell mL −1 at 2222 cell cm −2 ) were cultured in a six well plate TCP (well surface area of 9 cm 2 ) and culture medium (5 mL) was added as the growth supplement, replaced every 72 h. Specimens were sterilized with 70% ethanol, washed with 1X PBS (3 times) and dried. Bioelectrode/adhesive composite samples (electrocured for 10 min, surface area 1.5 cm 2 , weight approx. 80 mg) were incubated in 50 mL cell culture medium (24 and 168 h), forming the leachate ( Figure S9a , Supporting Information). Culture media were replaced with the leachate and the cells were incubated further for 24 h, followed by AB assay. Alternatively, specimens were placed directly over the surface of confluent cells for 24 h before evaluation by AB, as directed by manufacturer's protocol with an incubation time of 2 h ( Figure S9b , Supporting Information). Briefly, the cells were trypsinized from the wells of TCP and washed with cell culture medium. Trypsinized cell suspension (125 µL) from different samples was transferred to the wells of a 96 well plate (in triplicate). AB reagent (12.5 µL) (at cells: AB in 10:1 ratio) was added to each well and incubated for 2h. The absorbance reading was performed using a microplate reader with 560 nm (excitation)/590 nm (emission) (Infinite M200, TECAN, Switzerland) at 570 and 600 nm (n = 3). The metabolic activity of the cells was analyzed as the % age reduction of AB. The %age reduction values were normalized with the negative control to compare the cytotoxic effects of each material. Cell proliferation (using leachates from168h sample incubation) was measured following DNA (ds-DNA) quantification assay using Pico-Green DNA quantification kit (Thermo Fisher Scientific Inc. USA) with the given manufacturer's protocol. Briefly, the cultured cells at different time intervals (24, 72 , and 168 h) were lysed using cell lysis buffer (1X). Cell lysis buffer (600 µL) was added. The cells with cell lysis buffer were kept in an ice box and freeze thaw cycle was repeated for twice to ensure the complete lysis of the cells. The thaw cycles were carried out by keeping the cells in lysis solution at −80 °C for 10 m followed by thawing the cells. The cell lysis solution (100 µL) was transferred into the wells of a black 96 well plate. DNA standard (2 µg mL −1 ) was prepared by diluting the 4 µL of DNA stock solution using the cell lysis buffer (1X). DNA standard (2 µg mL −1 ) was used for preparation of standard curve dilutions such as 0, 2, 20, 200, and 2000 ng mL −1 . Working solution (100 µL) of picogreen reagent was added to each well containing 100 µL of standard www.advancedsciencenews.com www.advhealthmat.de and lysed cell samples (at ratio 1:1) and mixed thoroughly. The aqueous working solution of pico-green was prepared by first making a 1X TE working solution by diluting the concentrated buffer 20X with autoclaved DI water and then making a 200X dilution of the stock in prepared 1X TE. The mixture was incubated for 5 m at room temperature protecting from light. Following the incubation, the fluorescence was measured at 480 nm/520 nm (Infinite M200, TECAN, Switzerland). Surface-Induced Activation of Human-Derived Platelet-Rich Plasma: In vitro blood compatibility of the electrocured 3DG-Bioadhesive-IDEs was performed as a measure of surface induced cytotoxicity towards human platelets. The evaluation was carried out using the standard blood platelet adhesion test as reported in our previous publications. [18] Briefly, blood obtained from the cubital veins of a healthy human volunteer was immediately mixed with 3.8 wt% of sodium citrate solution at 9:1(v/v) dilution ratio. Human Biomedical Research Act regulates human biomedical research and the handling of human tissues for use in research in Singapore. NTU-Institutional Review Board approved the collection of whole blood from healthy volunteers with the subsequent processing, handling, and disposal of human PRP submitted in the IRB-2015-07-214 filing. The citrate mixed blood was centrifuged at 1000 rpm at 8 °C for 15 min to obtain PRP. The PRP was further diluted with 1X PBS in a 1:1 (v/v) ratio. Diluted PRP (60 µL) was dispensed onto the specimen. The PRP treated sample surfaces were incubated at 37 °C for 1 h in a CO 2 cell culture incubator under static condition. After 1 h of incubation, the samples were gently washed in 1X PBS (three times). The adherent platelets were fixed with 3% v/w glutaraldehyde (prepared using 1X PBS) and kept overnight at 4 °C. After fixation, the samples were washed in 1X PBS (three times) and subjected to serial dehydration with 10%, 25%, 50%, 75%, 90%, and 100% (v/v) ethanol for 10 min. each. The samples were dried and coated with platinum for 40 s prior to SEM observation. The results were interpreted qualitatively (using the SEM micrographs) as well as quantitatively (number of platelets adhered/mm 2 of the surface considering three representative SEM micrographs of 1000X).
Statistical analysis: All data are presented as mean ± SD (n = 3, unless stated otherwise). Significance was evaluated by one-way ANOVA with Tukey correction as post-hoc test. p < 0.05 (*) and p < 0.01 (**) were considered to be statistically significant. Statistical analysis was carried out using OriginPro 2016 64-bit Software.
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